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Abstract 
The periodontal ligament (PDL) is a soft biological tissue that connects the tooth with the 
trabecular bone of the mandible. It plays a key role in load transmission and is primarily 
responsible for bone resorption and most common periodontal diseases. Although several 
numerical studies have analysed the biomechanical response of the PDL, most did not 
consider its porous fibrous structure, and only a few analysed damage to the PDL. This study 
presents an innovative numerical formulation of a porous fibrous hyperelastic damage 
material model for the PDL. The model considers two separate softening phenomena: fibre 
alignment during loading and fibre rupture. The parameters for the material model 
characterization were fitted using experimental data from the literature. Furthermore, the 
experimental tests used for characterization were computationally modelled to verify the 
material parameters. A finite element model of a portion of a human mandible, obtained by 
micro-computerized tomography, was developed, and the proposed constitutive model was 
implemented for the PDL. Our results confirm that damage to the PDL may occur mainly due 
to overpressure of the interstitial fluid, while large forces must be applied to damage the PDL 
fibrous network. Moreover, this study clarifies some aspects of the relationship between PDL 
damage and the bone remodelling process. 
Keywords: Periodontal ligament, Damage model, Fibrous network, Micro-computed 
tomography, Mullins effect, Porous elasticity. 
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1 | INTRODUCTION 
The periodontal ligament (PDL) is a soft connective tissue that absorbs and distributes 
chewing loads. A healthy PDL contributes to homogeneous transmission of loads to the 
trabecular bone of the mandible. However, several mechanical factors may affect periodontal 
health and cause destruction of the connective matrix, loss of fibrous attachment or bone 
remodelling.1 
Anatomically, the human periodontium is composed of the gum (G), trabecular bone (TB), 
cortical bone (CB), the tooth and the PDL. The tooth is mainly formed of enamel (E), dentin 
(D), pulp (P) and cementum root (CR) (Figure 1A). The gum is the main responsible for 
periodontal diseases produced by bacterial action, although the gum is less relevant from a 
biomechanical point of view.2 In contrast, dentin, bone and the PDL are the main agents for 
load transmission, and some of the most common periodontal diseases are related to an 
abnormal mechanical role of these elements.3 
 
FIGURE 1 (A) Schematic of human canine tooth anatomy; (B) Details of the periodontal ligament structure and 
relationship between its composition and a porous hyperelastic and transversely isotropic material model. 
Biomechanically, the PDL is a soft biological tissue that can be considered a porous 
vasculature solid with a highly structured collagen network.4–6 Approximately 50-75% of the 
PDL volume is formed by collagen fibres,7 primarily type I,7 III8 and XII fibres (Figure 1B).9 
The fibres are primarily responsible for the differences observed in PDL reactions under 
tensile force. On the other hand, the high vascular density of the PDL confers the tissue a 
viscoelastic behaviour, which has been extensively studied in the literature.10–12 Thus, the 
tissue behaves as an incompressible material under fast strains and as a highly compressible 
material under slow strains due to this viscoelastic phenomenon.5,13–15 Neglecting the fibrous 
and time-dependent behaviour of the PDL is a typical source of error in experimental studies 
found in the literature.14,16,17 Thus, large variations in both the elastic modulus (0.01-1750 
MPa) and Poisson’s ratio (0.28-0.49) have been reported.17 Furthermore, these values are 
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often experimentally obtained using rodent PDL samples,17–19 which have a masticatory 
system that is extremely different from that in humans.20 Fortunately, the number of studies 
that used porcine or bovine samples has increased in recent years. Moreover, the 
experimental protocol is another common source of error.17 
Due to the difficulty obtaining accurate experimental measurements, finite element (FE) 
analysis has been extensively used. Some authors 21–24 have recently used FE models 
obtained by micro-computerized tomography (microCT). The authors of these studies assert 
the importance of considering the irregular geometry of the PDL to obtain reliable results. 
Some FE studies use isotropic hyperelastic or elastic properties 23,25,26 for the ligament or 
viscoelastic material models.27,28 Instead of defining the PDL as an isotropic tissue without 
fluid coupling, we considered the porous and fibrous components of the PDL in our previous 
study.24 Thus, a complex material model that takes into account different behaviours for 
tensile and compressive effects was developed. However, damage to the PDL tissue has been 
poorly analysed, and our previous study 24 only explained the PDL response under a non-
traumatic loading scenario. The visco-hyperelastic damage model proposed by Natali et al 
28,16 is one of the most comprehensive studies of PDL damage. They proposed a material 
model that considers anisotropy, an almost-incompressible behaviour, time dependence and 
the damage phenomenon for large strains. Nevertheless, the softening phenomena due to 
repetitive loads or fibrous network rupture remain unknown. The experimental results 
reported by Natali et al 29 show a softening phenomenon of the tissue under load repetition 
that may be caused by rearrangement of fibres.16,26,30 In the non-loading state, the fibrous 
network is partially disorganized with interweaved collagen fibres.31 This organization leads 
to a stiffer behaviour of the matrix than if the fibres were not interconnected. When the tissue 
is stretched, the local movement of the collagen fibres causes the fibrous network to become 
untangled, resulting in a softening phenomenon 31 that has been observed in other soft tissues, 
such as arteries,32 veins,33 vaginal tissues,34 oesophageal tissues,35 etc. No numerical study of 
PDL damage has considered softening effects due to fibre alignment or fibrous network 
failure. Furthermore, the damage phenomena have not yet been implemented in a full FE 
model of PDL, considering its non-uniform thickness and porous fibrous structure. 
The main objective of this study was to analyse the mechanical response of the PDL under 
traumatic conditions considering the softening phenomena caused by fibre alignment and 
rupture. A constitutive damage model was developed and incorporated into our previous 
material model.24 This damage model of PDL tissue was then implemented into an FE model 
of a human periodontium obtained by microCT. This FE model was subjected to three 
theoretical traumatic loads along intrusive, mesial-distal and labial-lingual directions. 
This paper is organized as follows. First, we introduce the material model used to mimic the 
porous fibrous response of the PDL without damage. Then, the softening effect due to fibrous 
network alignment is formulated according to Mullins effect theory. The mechanical response 
caused by fibrous network failure is described and incorporated into the constitutive model. 
Then, the parameters of the material model are obtained by an iterative process until good 
fitting of experimental data from the literature is achieved. The porous fibrous hyperelastic 
damage material model is implemented in a user material subroutine in Abaqus (Abaqus 
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6.14, Simulia, Rhode Island, USA) and applied to PDL tissue in a microCT 3D FE model. 
Finally, the results of fibrous alignment and fibrous failure and their effects on PDL 
behaviour under traumatic loading are extensively discussed.      
 
2 | MATERIAL AND METHODS  
2.1 | Material model characterization 
In this section, first, the non-damage material model, which takes into account the different 
behaviours under tensile and compressive forces, is explained. Second, the formulation of the 
softening phenomenon due to fibre alignment is presented, and the characterization process is 
explained. Finally, the damage mechanism due to fibre rupture is developed. 
2.1.1 | Porous fibrous material model without damage 
It is well known that the PDL undergoes large deformation when the tooth is loaded. Thus, 
hyperelastic material models are useful to simulate large non-linear strains under constant 
strain rates. However, the PDL is a porous tissue filled with interstitial fluid, which causes a 
viscoelastic response, especially under compressive forces. To consider this effect, 
viscoelastic or porous-elastic material models should be used. Moreover, the collagen fibre 
network produces a directional dependence behaviour when the fibres are stretched. 
Consequently, a transversely isotropic hyperelastic material model should be used to simulate 
the fibrous behaviour of the ligament. 
Due to these porous fibrous effects, we proposed in a previous paper 24 a material model that 
considered both contributions. This material model combines the transversely isotropic 
hyperelastic behaviour caused by the collagen network and the time-dependent response 
produced by the interstitial fluid. However, it is not possible to correctly simulate the PDL 
response using a porous transversely isotropic hyperelastic material model for all loading 
conditions. Thus, we proposed a material model with different behaviours depending on the 
stretch direction. The material behaviour was defined by a porous transversely isotropic 
hyperelastic model or by a porous Ogden hyperfoam model if the region of the PDL was 
under tensile or compressive forces, respectively. The Ogden hyperfoam material model was 
developed for describing the behaviour of highly compressible elastomers.36 It was used by 
Bergomi et al. 14 to describe the behaviour of the PDL according to the high compressibility 
(a Poisson ratio of 0.086) observed in their previous experimental study.6 The energy density 
function     of the constitutive material model can be defined by the deviatoric (    ) and 
volumetric (    ) components as follows: 
                                                 
                        (1) 
where    is the component of the hyperelastic matrix, and    is the component related to the 
fibrous network. Equation 1 is written in terms of the modified invariants     and    , which are 
dilatational and deviatoric responses, respectively. These invariants are defined as follows: 
                     (2) 
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where   is a unitary vector defining the orientation of the collagen fibres in the reference 
configuration, and    is the modified right Cauchy–Green tensor, defined by the modified 
deformation gradient    as         . The modified deformation gradient can be expressed as 
        
 
 
   where     is the Jacobian of the deformation gradient, and   is the associated 
deformation gradient defined by   
  
  
 where   and   define the respective position of a 
particle in the reference    and current   configurations. The terms of the energy density 
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In Equation 3   and   are material parameters for a hyperfoam material model. The stretch 
      is defined as the ratio between the lengths at the deformed     and reference 
configurations     in the   direction. In Equation 4,    is a material constant related to the 
ground substance of the transversely isotropic material model. In Equation 5, the fibrous term 
is 0 when the tissue is compressed. If not (Equation 6),      and      are the parameters 
that describe the exponential behaviour due to the presence of the collagen fibres. For the 
volumetric part of the strain energy function (    ), in Equation 7,   determines the degree of 
porous hyperfoam material compressibility related to Poisson's ratio, by            , 
and   is the aforementioned material parameter in Equation 3. Finally, in Equation 8,   is 
related to the bulk modulus,  , by        . 
The biphasic behaviour of the PDL was introduced by adding the porous contribution. Thus, 
the total stress in a point,  , in the fully saturated tissue is defined37 as: 
                          (9) 
where   is a factor that depends on saturation (in this case,       because the PDL is a fully 
saturated tissue),   is the void ratio defined as the ratio of the volume of fluid (  ) to the total 
volume (  ) by           ,   is the effective stress of the solid matrix obtained from the 
second Piola-Kiorchhoff stress tensor of the strain energy function of the solid phase, and      
is the average pressure stress of the fluid. The pressure stress,   , is related to the Jacobian 
contribution from the permeability of the tissue by the non-linear Forchheimer flow law. It 
was employed in Abaqus (Abaqus 6.14, Simulia, Rhode Island, USA) to describe the fluid 
flow for permeability. The exponential permeability function described by Argoubi and 
Shirazi-Adl38 for biphasic materials was used to relate the fluid flow permeability dependence 
with the deformation as follows: 
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where    and    are the permeability and void ratio at zero strain, and   is a dimensionless 
material parameter. 
To fit the material parameters that describe the tensile and compressive response, two 
iterative processes were executed by a script written in Python (“Python 3.5.2, Python 
Software Foundation”). The material behaviour under tensile force was characterized by the 
experimental data obtained by Natali et al.28 In this experiment, the specimen was extracted 
from the mandible of an adult pig. It was cut into a rectangular shape containing a portion of 
both bone and tooth, with the PDL between the bone and tooth (schematically shown in 
Figure 3A), and its geometry was measured by a reflecting microscope. Then, the sample was 
stretched along the fibre direction until rupture using a material testing machine (Zwick® 
Z005/TN29). The compressive response was obtained by fitting experimental data obtained 
by Bergomi et al.14 using bovine samples. The experimental results were obtained by 
Bergomi et al. from a cylindrical specimen extracted from bovine first molar. The specimen 
was composed of a portion of a molar, bone and PDL (shown in Figure 3B). It was subjected 
to sinusoidal compressive displacement equivalent to 35% PDL thickness (0.60 mm) at three 
different frequencies (0.1, 0.5 and 1 Hz) using a displacement-controlled actuator 
(Microtester 5848, Instron, Norwood, MA, USA). Although porcine data are considered more 
optimal,17 some authors suggest there is not a marked difference in considering different 
species for compression loads.28 The similarity between the compressive response of different 
species will be verified later in section 3.1.1, comparing the response of the material model 
(characterized with bovine experimental data) with the compressive response of PDL samples 
from cats. 
The material parameters were obtained in separate steps. First,    was obtained by fitting the 
first region of the experimental curve 28 using the neo-Hookean hyperelastic model response. 
Afterwards,    and    were determined by mimicking the curvature and fitting the rest of the 
experimental tensile curve.28 Figure 4A shows the material response variation for different 
values of   ,    and   . The permeability      was defined by fitting the experimental 
compressive behaviour at 1 Hz 14 using the proposed material model. To avoid unreal    
values, the permeability was constrained between (         and (         according to 
the permeability dimension order of other studies.14,39 The dependence of the compressive 
behaviour on the permeability value is shown in Figure 4C. The fitting procedures were 
widely explained in our previous work.24 Finally, the material model described was 
implemented in the UMAT user subroutine in Abaqus 6.14 commercial software.  
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2.1.2 | Softening due to fibre alignment 
Several authors 19,29,40–42 experimentally observed a softening behaviour of the PDL during 
preconditioning loading-unloading cycles. This effect was shown in experimental studies 
both for bovine41,42 and porcine samples.29,40 This stress softening phenomenon is commonly 
referred to as the Mullins effect.43 Although this effect was formulated to represent the 
preconditioning response in synthetic rubbers, it has been extensively used for soft tissues.44 
Microscopically, the softening phenomenon allows for multiple interpretations, such as fibre 
slipping, fibrous network reorganization or fibre separation from the ground substance. Some 
of these softening mechanisms are illustrated in Figures 2A, 2B and 2C. 
To represent the softening phenomenon, an anisotropic extension of the pseudo-elastic model 
proposed by Ogden and Roxburgh 45 and Horgan et al.46 was used. The energy density 
function defined in Equation 1 by the deviatoric and volumetric components was modified in 
the following form: 
                                           (11) 
where      and   are the damage continuous function and the damage variable, respectively. 
The continuous function   is defined by the expression of the Ogden-Roxburgh model as 
follows: 
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where    and    are dimensionless material parameters,   has the dimensions of energy, and 
    
  is the maximum value of the deviatoric strain energy density experienced by the 
material during its deformation. The damage variable   varies with the deformation 
according to: 
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where the error function (    ) is defined as          
 
  
            
 
 
. 
To obtain the different parameters of the Mullins effect damage model, a non-linear 
regression procedure was implemented in MATLAB (MATLAB 6.0 R12 The MathWorks 
Inc., Natick, MA, 2000). Although the experimental data of Natali et al.28 was used in the 
previous section, the experimental data of one of their previous studies 29 was used for the 
characterization of this softening phenomenon. Although the same animal species was used 
for both tests, there are significant differences in the results of both studies. These differences 
could be due to the fact that different regions of the PDL were tested or that different strain 
rates were imposed. Nevertheless, it was assumed that Natali et al. utilized similar 
experimental protocols in both studies, obtaining a similar softening response with the 
preconditioning cycles. According to the test data of Natali et al,29 the preconditioning of the 
tissue was defined as a change in the hysteresis curve until a steady condition was reached. 
The hysteresis indicates an energy loss within the PDL between cycles that is defined in this 
manuscript as a softening phenomenon caused by the fibrous network reorganization. 
Therefore, the softening phenomenon was characterized by preconditioning the experimental 
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data from Natali et al.29 The extraction protocol and the geometric registration procedure 
followed by Natali et al.29 was the same as that explained in section 2.1.1 for the 
experimental test described in the previous experimental study by Natali et al.28 However, the 
specimen of this study was subjected to loading and unloading cycles of 40% PDL thickness 
at a constant elongation rate of 0.5 mm/s. The parameters obtained ( ,    and  ) were then 
implemented in our material model. As described previously, the behaviour of our material 
model was characterized by the data in Natali et al.28 The softening phenomenon was then 
added to the aforementioned user subroutine in Abaqus. The complete strain energy function 
is detailed in Equation 20. 
 
FIGURE 2 Schematic of the PDL tensile response: (A) Disorganized fibrous network at the initial state, (B) 
Fibre alignment and energy dissipation due to the friction between fibres during tensile loading, (C) Organized 
fibrous network after load removal, (D) Damage to the ties between the fibres and the matrix beginning at 
higher strains, (E) Fibre rupture at strains higher than the fibre elongation, (F) Rupture of the entire fibrous 
network and tissue failure. 
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2.1.3 | Damage due to fibre over-elongation 
In addition to the softening phenomenon due to loading-unloading cycles, PDL damage can 
be caused by the rupture of collagen fibres or damage to the fibre attachments to the ground 
matrix.47 Under physiological loads, the waviness of the fibres makes the tissue softer for low 
strains (see the region in Figure 2) and stiffer for high strains. However, the damage 
phenomenon starts when the strain exceeds a specific limit (Figure 2D). This damage leads to 
a decrease in tissue stiffness. Any further increase in loading (Figure 2E) leads to progressive 
failure of the collagen fibre network until its complete rupture (Figure 2F). 
Several authors have used FE models to determine the PDL stress state.23,48,49 However, few 
of them16,28 described the PDL behaviour in the failure region. As previously mentioned, the 
study of Natali et al.28 is one of the most relevant. Nevertheless, their study did not consider 
softening behaviour due to fibre alignment, the pressure of the interstitial fluid or its effect on 
a full PDL. To include these aspects, a porous transversely isotropic hyperelastic damage 
constitutive model is developed in the present work. Thus, continuum damage mechanic was 
used to describe the irreversible damage under finite deformation. 
To establish the law of evolution, the equivalent strain 50 of the fibrous term    at any time s 
of the loading process is defined as: 
                        
(14) 
On the other hand,   
  is the maximum value of    over the past history up to the current 
time s, which can be mathematically expressed as: 
  
  
   
                
          (15) 
where t is the time when the damage starts. With    and   
    defined, the damage criterion 
in the strain space can be expressed for any time t when the following expression is fulfilled: 
     
    (16) 
Equation 16 represents the damage surface in the strain space whose evolution is determined 
by the rate of the damage parameter      
   ϵ [0,1]: 
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where      
   is the function that characterizes the damage process of the fibrous network. In 
this model, we adopted the damage function used by Rodriguez et al.51, as follows: 
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After integration of Equation 17, the damage parameter      can be expressed as a function 
of two material parameters,    and   , as follows: 
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This damage function allows control of the exponential damage at the beginning, the close 
constant damage propagation and the end of damage. The        term multiplies the 
fibrous term of the deviatoric component (Equation 20). Thus, the porous transversely 
isotropic hyperelastic damage constitutive model can be summarized as: 
    
        
        
 
 
 
 
 
 
 
 
 
       
     
       
    
       
     
       
      
       
      
       
     
 
 
 
 
 
 
 
 
                    
                 
                  
       
               
                
           
    
 
(20) 
To obtain the parameters that describe the material model damage, the constitutive 
formulation presented (Equation 20) was implemented in an UMAT user subroutine. The 
scheme of the FE program used to implement the porous fibrous hyperelastic damage 
material model is described in Appendix 2. An iterative process was used to fit the tensile test 
results obtained by Natali et al.28 The iterative process was executed in Python 3.5.2 and was 
stopped when the deviation between the numerical and experimental curves was lower than 
2%. It was considered that the tissue damage starts at a strain value of 0.6 (corresponding to 
an equivalent strain value,     of 0.28). 
2.2 | FE simulations of the test specimens 
In this section, the material model described previously was implemented using a FE analysis 
to mimic the experimental test performed by Natali et al. under tensile forces.28 Moreover, 
the experimental tests performed by Bergomi et al.14 and Nishihira et al.52 were simulated to 
analyse the material response under compressive forces. 
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FIGURE 3 Top: Schematic of the acquisition of the experimental samples by Natali et al.16 and Bergomi et 
al.14(A) A 3D FE model that mimics the sample used by Natali et al.16 in their experimental test and boundary 
conditions applied. (B) An axisymmetric FE model that mimics the samples used by Bergomi et al.15 in their 
experiments and the boundary conditions applied. (C) Left: The FE model based on a microCT scan with the 
boundary conditions and loading cycles. Right: Mesh of the canine PDL and fibre distribution according to the 
different directions of fibre bundles (AP: apical, OB: oblique, HO: horizontal and AC: alveolar crest). *For 
colour interpretation, see the web version of this article.  
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A 3D FE model reproducing the test sample geometry used experimentally by Natali et al.16 
was developed using Abaqus CAE 6.14 (Abaqus 6.14, Simulia, Rhode Island, USA). 
Development of the FE model (Figure 3A) was extensively explained in our previous work.24 
After a mesh refinement process, the average size of the elements was approximately 0.035 
mm. The material parameters of the transversely isotropic hyperelastic contribution 
(Equations 4 and 6) were obtained by mimicking the experimental dataset reported by Natali 
et al.28 The specimen was extracted from the mandible of an adult pig. It was cut into a 
rectangular shape containing a portion of both bone and tooth with the PDL between the bone 
and tooth (shown schematically in Figure 3a), and its geometry was measured by a reflecting 
microscope. Then, the sample was stretched along the fibre direction until rupture using a 
material testing machine (Zwick® Z005/ TN29). Therefore, the characterization process 
presented in section 2.1.1 considers that PDL fibres run in the direction of the load (90 
degrees). To mimic the specific clamping fixture used in the experimental test, the bottom 
surface of the tooth was fixed, and a displacement equivalent to 70% PDL thickness (0.25 
mm) was applied at the top surface of the bone. The displacement was computed from the 
experimental data reported by Natali et al.28 It was assumed that the stress-stretch curve data 
were only caused by the PDL stretch because bone and teeth were considered practically 
rigid.14,28 Furthermore, the response of the test sample was evaluated for different fibre 
orientations (900, 700, 450, 200 and 00) (Figure 3A). The material parameters for the different 
FE model regions appear in Table 1. 
For softening phenomenon verification during the tensile preconditioning cycles, the 3D FE 
model based on the dataset of Natali et al was used.16 The experiment included six pure 
sinusoidal traction displacements equivalent to 20%, 24%, 28%, 32%, 36% and 40% PDL 
thickness (0.25 mm) at 1.0 Hz (Figure 5A). These strain values correspond to the non-
damaged strain region of the fibrous network, according to the experimental results of Natali 
et al.28 ( higher strain than 60% of the PDL thickness). Moreover, the dependency of the 
softening effect on the fibre direction was analysed. Thus, several simulations for different α 
values in the undeformed state (0°, 20°, 45°, 70° and 90°) (Figure 5C) were performed. 
On the other hand, the 3D FE model was subjected to a displacement equivalent to 135% of 
the PDL thickness to determine the material parameters that define fibrous network damage. 
According to Natali’s experimental results,28 the test sample failed before this strain value. 
The material damage parameters were obtained by an iterative process executed by a script 
written in Python until good agreement with the experimental results was achieved. 
For characterization of the compressive material parameters, the axisymmetric FE model 
(Figure 3B) developed by Bergomi et al.14 was used. The response of the tissue without 
softening phenomena was evaluated at 0.1 Hz, 0.5 Hz and 1 Hz frequencies (Figure 4B). 
To verify the softening phenomenon due to fibrous alignment, the axisymmetric FE model 
was subjected to three compressive cycles equivalent to 15%, 25% and 30% of the PDL 
thickness (0.58 mm). Moreover, to understand the dependency of this effect on the strain rate, 
a previous test was performed at 0.1 Hz, 0.5 Hz and 1.0 Hz frequencies. 
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As mentioned above, few differences exist between the compressive behaviour of PDL from 
different species. This fact was verified by numerically mimicking the experimental data of 
adult cat samples 52 with a material model based on bovine experimental data. Thus, the 3D 
FE model of Natali et al.28 was compressed at the same strain rates of 260%, 63%, 6.7%, 
0.55% and 0.0052% of PDL thickness per second, as used by Nishihira et al.52, and the 
results were compared.   
 
2.3 | PDL material model application to a canine microCT FE model 
After characterization and validation of the porous transversely isotropic hyperelastic damage 
material model, this material model was implemented for the PDL tissue in an FE model of a 
portion of a human mandible obtained by microCT. In this section, the FE model and the 
boundary conditions are explained. 
A portion of a human mandible was extracted from a cadaver, and it was conserved under 
stable conditions until it was scanned. The tomograms obtained from the scanning were 
rebuilt, the noise was reduced, and the point cloud was converted into Non-Uniform Rational 
Bases Splines (NURBS). This model was composed of a full canine tooth with its PDL, two 
portions of lateral teeth (premolar and lateral incisor) with their respective ligaments, and 
portions of cortical and trabecular bone of the mandible (shown in Figure 3C). In addition, 
the teeth were divided into pulp, enamel and cement regions (shown in the tooth section of 
Figure 3C). The microCT FE model was meshed using a commercial software program 
(Abaqus 6.14, Simulia, Rhode Island, USA) until mesh convergence. More details of the 
model are provided in our previous paper.24 The material properties applied to each region of 
the model are summarized in Table 1. The influence of the softening effects was analysed in 
the complete FE model. 
Regarding the loading conditions, the FE model was subjected to three theoretical loads of 
360N along intrusive, labial-lingual and mesial-distal directions (see the load point 
application in Figure 3C). The intrusive load is a vertical load defined by the main 
longitudinal axis of the teeth and oriented along the direction from to the tooth cuspid to the 
tooth root. The magnitude of this load was defined according to different studies of adult 
human teeth under possible damage conditions.1,53,54. There are significant discrepancies in 
the literature regarding the magnitude of the physiological occlusal load, which can vary 
between 14.5 N55 to 100 N.1 In comparison with normal chewing conditions, a 360 N load 
would represent a large load that may cause damage to the ligament, which is demonstrated 
in the results section. However, this magnitude does not represent a real traumatic load of an 
occlusal trauma scenario. Loads were applied by three sinusoidal cycles (see the detail of 
Figure 3C) to analyse the damage due to load repetition. Moreover, each case was studied 
considering a physiological chewing velocity (1.33 Hz)56 and a theoretical slow velocity 
(0.0166 Hz). The results at fast (physiological) and slow velocities allow us to separately 
study the residual strains due to the porous coupling and the softening phenomena. The 
lateral nodes of the mandible were constrained considering fixation with the rest of the 
mandible. Moreover, the nodes of the cut planes of the premolar and incisal teeth were 
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constrained at the mesial-distal direction to represent the restriction imposed by the remaining 
teeth. The contact between teeth was defined by a penalty contact term with a friction 
coefficient (value of 0.2), according to the studies by Zheng and Zhou.57 Figure 3C shows the 
boundary and loading conditions applied. On the other hand, the PDLs were considered to be 
attached to the trabecular bone and the teeth by a tied contact due to the presence of 
interstitial fibres.4,48,58 
 
 
 
TABLE 1 Mechanical properties assigned to each region. 
 Ground parameters Porous properties 
 
Young’s Modulus 
(MPa) 
Poisson’s Ratio 
(-) 
   
(m2) 
  
(-) 
Void Ratio 
   (-) 
Specif. weight of 
interstitial fluid 
(N/mm3) 
Pulp 2 a 0.45 b - - - - 
Enamel 80000 c 0.31 b - - - - 
Cortical bone 20000 e 0.30 e     
Trabecular bone 345 d 0.31 d 5.29 ·10-14 d - 4 d 9.8 ·10−6 
Dentin 15000 d 0.31 d 3.88 ·10-17 d - 4 d 9.8 ·10−6 
 
   
(MPa) 
  
(-) 
Poisson’s Ratio 
(-) 
   
(m2) 
  
(-) 
Void Ratio 
   (-) 
Specif. weight of 
interstitial fluid 
(N/mm3) 
PDL             0.03
 d 20.9 d 0.257 d 8.81 ·10-15 d 14.2 d 2.33 d 9.8 ·10−6 
 
    
(MPa) 
  
(MPa-1) 
   
(MPa) 
   
(-) 
   
(m2) 
  
(-) 
Void Ratio 
   (-) 
Specif. weight of 
interstitial fluid 
(N/mm3) 
PDL             0.01
f 9.078 f 0.298 f 1.525 f 6.5 ·10-15 f 9.5 f 2.33 d 9.8 ·10−6 
 
Softening phenomena Due to fibre alignment Due to fibre over-elongation 
   (-)   (mJ)    (-)    (-)   (-)      (-) 
PDL damage 1.492 0.064 0.1 1.0 0.25 0.28 
a Lin et al. 2014 
bBelli et al. 2017 
cNikolaus et al. 2016 
dBergomi et al. 2011 
e Lacroix and Prendergast, 2002 
f Ortún-Terrazas et al. 2018 
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3 | RESULTS 
3.1 | Material model characterization and validation 
This section shows the material parameter characterization and the numerical results for the 
mimicked experimental test (previously defined in section 2.2). First, the mechanical 
response of the material model without damage is presented. Then, the Mullins effect is 
evaluated in compression and tension tests, modifying the fibre bundle direction and the 
strain rate. Finally, the fibrous network damage is analysed using experimental data.28 
3.1.1 | Porous fibrous material model without damage 
Figure 4 shows the responses of the material model without damage defined in section 2.1.1. 
The results of mimicking the experimental tests performed by Natali et al.,28 Bergomi et al.14 
and Nishihira et al.52 are summarized in Figures 4A, 4B and 4C, respectively. 
Figure 4A shows a good approximation between the finite element analysis (FEA) at 90° and 
the experimental responses under tensile efforts less than 0.7 strain. The higher deviation 
appears in the first part of the curve due to the concave shape of the Neo-Hookean material 
response. The dependence of the material behaviour response on the direction of the fibres is 
also shown (Figure 4A). The stiffness of the PDL increases when the fibre bundles run along 
the direction of the traction load. The values of    and    modify the curvature and 
exponential growth of the curve, respectively (as shown in Figure 4A). For a region in which 
fibres are aligned at 20° or 0°, the material response is mainly defined by the porous 
hyperelastic behaviour of the matrix (Equation 4). Increasing the    parameter leads to stiffer 
behaviour of the porous hyperelastic matrix (as shown in Figure 4A).  
The energy dissipation due to the porous term is clearly presented in Figure 4B. Despite the 
difficulties in predicting the permeability effects, the FEA curves closely follow the 
experimental data of Bergomi et al.14 For higher strain rates, the fluid phase does not have 
enough time to flow, and consequently, the tissue becomes stiffer. An increase in the initial 
permeability value    leads to softer behaviour of the tissue because the fluid can more easily 
flow out (as shown in Figure 4B). 
Although different samples from species were used for tensile (porcine samples) and 
compressive (bovine samples) material behaviour characterization, it was demonstrated that 
the different species have similar compressive responses. Figure 4C compares the numerical 
results using our material model (characterized by data from bovine samples) and the 
experimental data of adult cat samples.52 It can be appreciated that no significant differences 
exist between the compressive responses of the PDL of each species. The similarity for high 
strain rates is especially remarkable when the fluid phase contributes more. 
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FIGURE 4 (A) Porous fibrous 
material model approximation to the 
experimental results of Natali et al.28 
and its dependence on fibre direction 
and different parameter values (  ,    
and    . (B) Porous fibrous material 
model approximation to the 
experimental results of Bergomi et 
al.14 under 0.1 Hz, 0.5 Hz and 1 Hz 
frequencies and its behaviour 
dependence on different 
  permeability values. (C) 
Comparison between the porous 
fibrous material model response and 
the experimental results obtained by 
Nishihira et al.52 at 260%/sec, 
63%/sec, 6.7%/sec, 0.55%/sec and 
0.0052%/sec strain rates. The 
variation in the material parameters 
and permeability values was defined 
as the fraction   of the values listed 
in Table 1. 
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3.1.2 | Softening due to fibre alignment 
Figure 5 shows the FE analysis curves using the porous fibrous material model, which 
includes the softening behaviour caused by the fibre alignment (described in section 2.1.2) 
for different situations. Figure 5A shows the tensile response considering the Mullins effect 
characterized by the experimental data of Natali et al.29 By introducing the Mullins effect, the 
numerical response after the preconditioning cycles (Figure 5A) better fits the experimental 
data for the first part of the curve, where the porous fibrous material model without damage 
exhibited poor fitting. Modifying the   and   parameters leads to different energy loss and 
curvature, respectively, of the unloading curve (as shown in Figure 5B). 
The dependence of the softening effect on the fibre bundle orientation and its behaviour 
under compressive effort is presented in Figures 5C and 5D, respectively. The Mullins effect 
at different fibre orientations is shown in Figure 5C. The effect of the fibre alignment is more 
noticeable when the fibres are aligned along the loading direction. Moreover, the porous and 
Mullins effects are coupled, as shown in the graphical detail of Figure 5C. In a pure Mullins 
effect response, the unloading and subsequent loading curves must be the same. However, a 
deviation occurs when the porous effect is added. This effect was also observed during 
compression, revealing a softening phenomenon when the loading process is repeated (Figure 
5C). 
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FIGURE 5 (A) Left: Comparison between Natali’s two previous studies,28,29. Right: representation of the 
theoretical Mullins effect using a magnification variable of the nominal stress (         ). (B) Dependence of 
the softer unloading response with different   and   material parameters. (C) Mullins effect for different fibre 
directions using the 3D FE model of the Natali et al.16 experiment. (D) Mullins effect for different strain rates 
using the axisymmetric FE model of the Bergomi et al.14 experiment. 
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3.1.3 | Damage due to fibre over-elongation 
Figure 6 shows several aspects of the damage function (described in section 2.1.3). The 
dependence of the damage function on different damage parameters and the curve fitted to 
the experimental results of Natali et al.28 are shown in Figure 6B. Figure 6C shows the 
damage evolution of the elements of the PDL mesh. 
Varying the parameters    and    can increase the damage initiation velocity, the gradient of 
damage evolution in the quasilinear zone and the final failure evolution (Figure 6A). 
Moreover, extension of the damage region is a function of these parameters. The PDL begins 
to become damaged at strains higher than 0.6 (0.28 equivalent strain of the fibrous term), and 
at a strain of 1.05, the tissue has completely failed. Therefore, PDL rupture occurs in a small 
strain range. Thus, similar parameters cause significant differences in tissue damage 
behaviour, as shown in Figure 6B. As mentioned, an iterative process was executed in Python 
to fit the damage parameters. For the iterative analysis, the 3D FE model mimicked the 
geometry of the sample used in Natali et al.16 The best adjustment was obtained for       
and           damage parameters values. The deviation between the experimental curve 
and the computational material response was lower than 2%. Damage to the fibrous network 
starts to appear in two regions near the midplane (Figure 6C, time=3 s), which are the 
thinnest regions, and continues to the closest regions until its complete failure (Figure 6C, 
time=6 s).  
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FIGURE 6 (A) Evolution of the damage function (Equation 19) modifying    and    parameters. (B) Influence 
of    and    damage parameters on the material model response and characterization of the fibrous network 
damage using the 3D FE model of the experimental dataset in Natali et al.16 (C) Left: damage evolution of the 
integration points of the 3D FE sample. Right: damage evolution of the fibrous network during the tensile test 
using the 3D FE model of Natali et al.’s16 experimental sample.  
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3.2 | PDL material model application to a canine microCT FE model 
After characterization of the PDL tissue behaviour, the porous fibrous hyperelastic damage 
model was implemented into the periodontium of a human canine FE model. In this section, 
the results of the FE model under three loading conditions are explained. Figure 7 shows the 
minimum principal stresses in the bone, the void ratio, damage of the fibrous network and the 
minimum principal stresses in the ligament after the first cycle under high strain rate. The 
damage evolution with the cycles is negligible in a damage-time curve at high strain rates 
(Figure 8A). Therefore, a local magnification of each damage-time curve is shown in detail in 
Figure 8A. Furthermore, the difference between the initial and final position of the tooth 
(named residual displacement) is shown in Figure 8B. In this figure, the differences regarding 
whether the damage phenomenon is considered at high or low strain rates is shown. The 
complete information of the stress distribution for the different tissues involved is provided in 
the available supplementary material. 
3.2.1 | Intrusive loading 
It is well known that the physiological role of the PDL is to absorb intrusive loads. When the 
intrusive load is applied, the tooth is displaced downward (see Appendix 1, Figure A1-iii), 
and the apical region of the PDL is compressed toward the bone (Figure 7A). Compression of 
the ligament causes the fluid to flow to the bone, decreasing the void ratio in this region 
(Figure 7B). The dissipation of fluid partially relaxes the ligament and contributes to bone 
loading. However, a large compression of the PDL may cause a reduction in the fluid content 
and an increase in the load supported by the solid phase. Due to the high loss of fluid in the 
apical region, the maximum value of the minimum principal stress is located in this region 
(Figure 7D). On the other hand, the void ratio of the alveolar crest region increases because 
the PDL is stretched in this region (Figure 7B). 
Regarding the fibrous network role, the PDL is subjected to shear forces. The regions where 
the fibre bundles run horizontally and obliquely become more stretched, causing higher 
maximum principal stress in these areas (see Appendix 1, Figure A2-i). This effect increases 
the strain level in this region, causing damage to the fibrous network on the mesial side of the 
PDL (Figure 7C). Curiously, no fibrous damage appears at the top region of the ligament. 
Despite the excessive magnitude of the load, the maximum damage value is 0.29 and 
minimally increases by load repetition (see the continuous line in Figure 8A). In the case of 
slow load application, the fluid does not absorb the load, and the solid matrix supports most 
of it. In this case, the residual displacement increases (shown percentage differences in Figure 
8B legend) due to greater damage to the fibrous network. However, the PDL matrix is the 
least damaged of the three cases (Figure 8B) because fibres are primarily oriented to resist 
intrusive loads.  
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3.2.2 | Labial-lingual loading 
The results of the FEA suggest that the tooth rotates when a lateral labial-lingual load is 
applied (see Appendix 1, Figure A1-iii). For this particular model, the rotation centre (RC) is 
at a depth of approximately 7 mm from the upper border of the ligament. This rotation 
movement causes compression efforts in the upper region of the opposite side of the bone 
(Figure 7A). Thus, the top region of the lingual side and the bottom region of the labial side 
of the ligament are compressed (Figure 7D), while the opposite regions are stretched (see 
Appendix 1, Figure A2-i). The compression reduces the void ratio (Figure 7B) in these 
sections, which increases the value of the minimum principal stresses in the solid matrix 
(Figure 7D) and the pressure of the interstitial fluid (see Appendix 1, Figure A2-iii). 
On the other hand, the highest values of the maximum principal stresses are located at the top 
region of the labial side and at the bottom region of the lingual side (see Appendix 1, Figure 
A2-ii). Although similar displacement occurs in both regions, the apical region experiences 
higher stresses due to the small thickness of the PDL in this region. Thus, the damage of the 
fibres network starts at this region (Figure 7C). In this case, the maximum damage values 
(83%) are similar to the total damage of the tissue. However, the damage evolution increases 
slowly within the cycles (Figure 8A) because the porous term continues to support much of 
the stress. For low strain rates, the fluid phase only minimally contributes, and the 
irreversible displacement due to fibrous damage increases (Figure 8B). This residual 
displacement percentage is related to the maximum damage value. 
3.2.3 | Mesial-distal loading 
Loading along the mesial-distal direction is probably the most unusual loading scenario. The 
thinnest region of the PDL is located at the mesial-distal sides of the top region of the 
ligament since this region is minimally loaded under physiological conditions. As mentioned, 
the main role of the ligament is to resist the intrusive loads produced during chewing. When 
the tooth is subjected to loads along the mesial-distal direction, the tooth rotates (see 
Appendix 1, Figure A1-iii). This movement causes compression of the alveolar crest and 
apical regions of the distal and mesial sides, respectively (Figure 7B). Therefore, it reduces 
the fluid volume (Figure 7B) and increases the pressure of the fluid in the areas mainly 
compressed (see Appendix 1, Figure A2-iii). In addition, the fluid flow contributes to loading 
the underlying trabecular bone (Figure 7A). It is remarkable that the top region of the PDL at 
the distal side evacuates all the interstitial fluid of the PDL (Figure 7B). Thus, the maximum 
value of minimum principal stresses is located at the top region of the bone. On the other 
hand, the maximum value of maximum principal stresses is located at the apical region of the 
PDL distal side (see Appendix 1, Figure A2-A). The apical fibres must support high stress 
values in this region, causing damage to its fibrous structure. The damage value during 
mesial-distal loading is the highest of the three performed tests (Figure 8A) and may be 
caused by the unusual direction of the load. 
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FIGURE 7 Top to bottom: FE results corresponding to the first cycle of applying a 360 N load in intrusive, 
labial-lingual and mesial-distal directions. (A) Minimum principal stresses in the cortical and trabecular bone 
portions, (B) Void ratio in the canine PDL, (C) Damage of the fibrous network of the PDL due to excessive 
stretch, (D) Minimum principal stresses in the canine PDL.  
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FIGURE 8 (A) Top: details of the damage evolution due to repetitive traumatic loading; bottom: damage 
evolution of the maximum damaged element for each loading scenario at 1.33 Hz. (B) Top: Load-displacement 
curve obtained by applying the load in the mesial-distal direction to show the concept of residual displacement; 
bottom: comparison of residual displacement at slow (0.0166 Hz) and fast (1.33 Hz) velocities, considering the 
non-damage or damage phenomenon (* Difference percentages at slow velocity, + Difference percentages at 
fast velocity).  
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4 | DISCUSSION 
4.1 | Characterization and validation of the material model 
As mentioned in the introduction section, several studies have explained PDL behaviour 
using elastic isotropic or hyperelastic material formulations.23,25,26 Moreover, some 
computational studies have attempted to explain the non-linear anisotropic behaviour by 
introducing collagen fibres as 1D FE elements.61 On the other hand, some researchers have 
explained the effect of the PDL interstitial fluid by means of viscoelastic material 
formulations.12,27,28 We recently proposed a new model that combines the porous and fibrous 
properties of the PDL.24 However, the role of the PDL in some of the most common 
periodontal diseases is unknown. This work is the first to study the porous fibrous behaviour 
of the PDL under traumatic loads. We suggest an innovative material model, namely, a 
porous fibrous material model, that considers the PDL softening behaviour due to fibre 
alignment and damage due to fibre rupture. 
The first part of section 2.1 summarizes the material model without damage mechanism 
proposed in our previous work. As shown in Figure 4, good correlation exists between the 
numerical and experimental data under tensile and compressive efforts (Figures 4A and 4B, 
respectively). The tensile response of the PDL was characterized using experimental data of 
porcine samples from the literature,28 while the compressive behaviour was defined by data 
of bovine samples.14 Although the porcine PDL seems more similar to the human PDL, it has 
been suggested that no significant differences exist among the compressive responses of 
different species.28 This similarity was verified by subjecting the 3D FE model (which 
reproduces the experimental sample geometry in Natali’s study) to Nishihira et al.52 loading 
scenarios where samples of an adult cat PDL were tested. The computational compressive 
response (characterized by bovine experimental data) was not significantly different from the 
Nishihira experimental results (Figure 4C). Remarkably, higher differences appeared at low 
strain rates (0.0052 and 0.55%/sec), when the porous component has minimal contributions. 
Thus, it can be assumed that the porous component is similar among different species and 
plays a key role under compressive efforts. In summary, the findings of the material model 
without damage demonstrated the biphasic behaviour of the tissue, as suggested by other 
authors.5,6,62 This study suggests that the stiffness highly depends on the fibrous structure 
(Figure 4A) under tensile forces and on the strain rate under compressive forces (Figure 4B). 
Regarding the softening mechanisms, this study numerically demonstrated the softening 
effect due to fibre alignment and damage due to fibre rupture (Figure 2). The softening 
behaviour observed in Natali et al.29 was extrapolated to the experimental data of their later 
study.28 The Mullins effect was characterized using this theoretical assumption. Thus, the 
numerical results suggested a small softening effect of the fibrous network due to the 
alignment of fibres with repetitive loading (Figure 5A). The dissipated energy increased 
when the fibres ran along the loading direction (Figure 5C) because the fibrous term has a 
greater influence on the PDL behaviour. Additionally, the softening effect under compressive 
forces can be seen in Figure 5C. Because “n” is a loading-unloading cycle, the unloading 
curve of the “n” cycle did not fit with the loading curve of the “n+1” cycle (see details in 
Figures 5C and 5D) due to the viscoelastic contribution. Interestingly, the material model 
without a damage criterion did not provide as good a fit of the experimental data for strains 
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less than 0.4 (Figure 4A). However, the softening phenomenon improved the fitting of the 
experimental data (Figure 5A). This improvement could mean that the specimens tested by 
Natali et al.28 were also previously preconditioned. 
Regarding fibrous network damage, the experimental test performed by Natali et al.28 was 
computationally mimicked (Figure 6B). For strains higher than 0.6, the numerical response of 
the material model without damage was stiffer than the experimental data. According to our 
material description, this deviation could be caused by fibrous network damage. 
4.2 | PDL material model application to the microCT FE model 
The causes of chronic periodontitis have been mainly explained from an infectious point of 
view. The infection can begin with an inflammatory response due to a repetitive traumatic 
load. Thus, interest in studying the role of the mechanical response of the PDL in 
periodontitis diseases has increased in recent years.2,3,62 The PDL plays two roles under 
traumatic loading conditions. First, it works as a mechanical stimulus receptor and informs 
the chewing system when overload occurs; then, the chewing muscles immediately reduce 
the loads. On the other hand, the PDL releases inflammatory mediators that cause bone 
remodelling. Therefore, several authors 4,40 suggest that the PDL plays a key role in tooth 
movement, and some studies have sought to explain bone resorption according to its 
mechanical response.63,64 
Figure 7A shows the regions of the cortical and trabecular bones that are mainly compressed. 
For lateral loads (labial-lingual and mesial-distal directions), the highest minimum principal 
stresses were observed at the alveolar crestal and apical regions of the PDL. The compressive 
stresses in the alveolar crest zone are caused by rotation of the tooth and coincide with the 
middle region of the tooth (see Appendix 1, Figures A1-iii). On the other hand, the value of 
the minimum principal stresses is maximum in the apical zone due to the interaction of two 
effects. First, compression of the PDL decreases the fluid volume in that area, causing an 
increase in the load supported by the fibrous network. This overloading state damages the 
matrix and causes a weakening of the PDL. This fact can be seen in Figure 8B, which shows 
greater damage for low strain rates due to the small influence of the fluid. Second, the 
maximum value of the minimum principal stress in the apical region is caused by the increase 
in fluid pressure with cycles and by the softening phenomena. 
Both softening phenomena reduce the stiffness of the solid matrix. This fact increases the 
interstitial liquid pressure at the regions that are mainly compressed (see Appendix 1, Figure 
A2-iii). Some of the most common bone remodelling hypotheses of tooth movement are that 
tensile strain of the ligament causes the formation of bone tissue, while compressive strain 
causes the resorption of bone tissue. We refer to the “pressure-tension hypothesis”,65,66 
“alveolar bending hypothesis” 67 or “stretched fibre hypothesis”,68 among others. This study 
suggests that mandibular bone remodelling cannot be explained in simple terms of tension or 
compression regions. We considered that a complete study of the porous fibrous structure of 
the PDL should be performed to explain the bone remodelling mechanism. Based on our 
numerical results, we predict that the bone remodelling mechanics may be a combination of 
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the “stretched fibre hypothesis”, damage to the fibrous network and overpressure of the 
interstitial fluid. 
From a cellular point of view, recent studies have considered that bone resorption could be 
caused by the combination of three mechanisms.69,70 First, the fibres compressed at the 
alveolar crest or apical regions (Figure 7A) could release some cytokines and prostaglandins 
to form leucocytes, macrophages, and monocytes.70 Then, the chemical changes at these 
compressive regions may recruit and differentiate cells into osteoclasts. These osteoclasts 
would reabsorb the adjacent bone and destroy the necrotic hyalinized tissue.71 On the other 
hand, overpressure of the interstitial fluid (Figure 7B) can produce inflammatory cytokines.72 
Cytokines also stimulate bone resorption.73 Finally, it is well known that the adjacent bone 
contains fenestrations,74 which can detect whether the PDL fluid is compressed.75,76 
Stimulation by fenestrations reduces the bone density.75–77 
By contrast, the formation of bone tissue can be explained by fibre stretching.78–80 The 
maximum value of the maximal principal stresses can be found in the apical region of the 
PDL (see Appendix 1, Figure A2-i). The over-elongation of fibres in this region causes 
fibrous network damage (Figure 7C), local vascularization70 and mechanobiological signals 
(arachidonic acid metabolites, neuropeptides or cytokines).81–83 These signals can translate to 
bone formation around these sides of the ligament. However, excessive stretching of fibres 
can cause PDL deterioration (Figure 7C)16 and trigger inflammatory processes.84 In this case, 
cytokines may initiate the bone resorption process. 
Furthermore, the fibre contribution under intrusive loads causes a well-balanced stress 
distribution along the PDL (Figure 7A).4 This uniform stress state can prevent bone 
resorption, especially in the middle region. Biologically, fenestrations of the bone in this 
region may not receive enough mechanical signals to initiate bone formation.74 In our 
simulations, only a small area of the ligament experiences damage to the fibrous network 
(Figure 7C), and the maximum damage value in this case is smaller than in the other two 
cases. According to the bone remodelling principles followed in this study (“stretched fibre 
theory”, fluid pressure and PDL damage mechanism), bone resorption can begin at the apical 
region since the previously mentioned rules are satisfied. However, the uniform mechanical 
stress state maintains stability of the bone density.  
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4.3 | Study limitations 
There are several limitations of the current study, which future research should address. The 
most important limitation lies in the fact that experimental data of human PDL samples were 
not used. Nevertheless, experimental data of porcine and bovine PDL samples have been 
extensively used because their bite systems have mechanical similarities with the human bite 
system. Moreover, the same animal species was not used for the compressive and tensile 
behaviour characterization. Future experimental studies should test porcine samples under 
compressive and tensile efforts, considering the fibrous network and the permeability of the 
tissue. 
Second, the Mullins effect and the tensile material response were characterized using 
experimental data from different studies (Natali et al.16 and Natali et al.,28 respectively). 
Although both studies were performed by the same authors, the Mullins effect was 
characterized by a theoretical curve. On the other hand, this material model only uses one 
function to describe both the matrix and fibre alignment softening phenomena. Experimental 
tests should be performed to separately determine the effects of repetitive loading on the 
matrix and the fibrous network. 
Another major source of uncertainty is the experimental data used to characterize the damage 
of the fibrous network. It was assumed that the damage process started at 0.6 strain, but this 
assumption is not based on histological experimental studies. Fibrous damage should be 
studied by a combination of microscopic and macroscopic analysis. Advances in these two 
areas would improve our knowledge of the complex degradation mechanism of the PDL. 
Although this study verifies the important effect of fibrous damage, damage due to 
overpressure of the interstitial fluid was not considered. To take into account this effect, other 
authors85 have simplified the fluid pressure by the volume averaged hydrostatic pressure,     
defined as     
   
 
  
 
    
, where   
  and    are the hydrostatic stress and volume of each 
element. They consider that bone regeneration occurs for higher     values than the capillary 
blood pressure             (35 mmHg). However, this is a severe assumption because it 
does not consider the real viscoelastic effect of the fluid phase. We have to remark that the 
fluid effect must be considered in future studies to acquire complete knowledge of the PDL. 
Based on mechanobiological studies of PDL degeneration, the fluid phase likely plays the 
most significant role in PDL diseases. 
Finally, using FE models to study patient-specific periodontal diseases from a practical point 
of view will require extensive further development. This study was developed using a 
computational model for a specific patient tooth, and the numerical results cannot be directly 
extrapolated to other cases. However, the FE model presented in this manuscript contributes 
to improving our knowledge of the role of the PDL in supporting loads.  
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5 | CONCLUSIONS 
The present results demonstrate the applicability of a porous fibrous damage hyperelastic 
material model to describe the mechanical response of the PDL and its damage under 
traumatic conditions. Within the limitations of this study, we summarize our findings by the 
following conclusions: 
1. Both porous and fibrous effects must be considered in numerical studies of 
periodontium diseases. In particular, these contributions must be included in studies 
that analyse the stress state of the ligament and its effect on bone remodelling.  
2. The preconditioning process modifies the ligament response, reducing its stiffness in 
mechanical experimental tests. Furthermore, this softening effect increases the 
residual displacement of the tooth under intrusive and lateral loads, which are 
common loads during chewing or parafunctional clenching. 
3. The damage produced by fibre stretching occurs at high strains (upper than 60%). The 
PDL fibrous network is not damaged under physiological loading scenarios. However, 
it may suffer small deterioration under traumatic loads, as studied in this manuscript. 
4. The fluid pressure in the alveolar crest and apical regions may cause a deterioration 
process due to the interstitial fluid overpressure under lateral and intrusive traumatic 
loads, respectively. The effect of overpressure may be the main cause of deterioration 
of a healthy PDL under non-physiological loads. 
5. The interstitial fluid effect, the collagen bundles and the softening phenomena should 
be simultaneously considered to explain the bone remodelling mechanism. 
This study demonstrates the key roles of interstitial fluid and collagen fibres in the tissue 
mechanical response, the softening phenomenon due to fibre alignment or fibrous network 
damage, and the effect of considering a non-uniform thickness of the PDL by microCT scan 
techniques. The results presented here will serve as a basis for future studies and will help 
elucidate the role of the PDL in some of the most common periodontal diseases or bone 
remodelling processes. This FE model marks the beginning of potential research on PDL 
mechanical behaviour. Future studies should consider PDL damage due to overpressure of 
the interstitial fluid, the role of the PDL in real chewing cases, its deterioration under 
parafunctional loads, or the rates of bone remodelling in the mandible. 
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APPENDIX 1– BIOMECHANICAL ANALYSIS OF THE TEETH, PDL AND 
MANDIBULAR BONE 
As it was introduced, the PDL works as a stress absorber to transmit loads from the tooth to 
the alveolar bone. Our numerical results verify that the PDL distributes intrusive loads better 
than lateral loads to the teeth and the mandibular bone. Under an intrusive load, the tooth 
moves vertically (Figure A1-iii), and homogeneous maximum and minimum principal stress 
distributions are generated along the tooth (Figure A1-i and A1-ii, respectively). On the other 
hand, the lateral loads cause tooth rotation (Figure A1-iii). This movement concentrates the 
higher stresses in the middle region of the tooth. 
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FIGURE A1 (i) Maximum principal stress, (ii) minimum principal stress and (iii) displacement of the canine 
tooth after applying a 360 N load at intrusive, labial-lingual and mesial-distal directions (ordered from top to 
bottom).  
Tooth movement is directly related to the PDL stress distribution. Under intrusive loading, 
the liquid phase of the ligament partially reduces the minimum principal stress (Figure A2-ii) 
of the solid matrix of the PDL. Conversely, the porous pressure of the interstitial fluid 
increases (Figure A2-iii) and the volume of fluid decreases (Figure A2-iv) in the areas mainly 
compressed (Figure A2-ii). On the other hand, the apical fibres of the PDL try to support 
tooth rotation when lateral loads are applied. This role of the fibres increases the maximum 
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principal stress of the solid matrix in the apical region (Figure A2-i). As shown in Figure 5C, 
over-elongation of the apical fibres leads to irreversible damage to the fibrous network in this 
area. Furthermore, the compressive force evacuates most of the fluid (Figure A2-iv), causing 
overpressure of the remaining interstitial fluid, mainly in the alveolar crest region (Figure A2-
iii). 
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FIGURE A2 Distribution of (i) maximum principal stress, (ii) minimum principal stress, (iii) porous pressure 
and (iv) void ratio in the PDL after the first cycle of applying a 360 N load at intrusive, labial-lingual and 
mesial-distal directions (ordered from top to bottom). 
 
As mentioned in the Results section, the apical region of the bone is mainly compressed when 
an intrusive load is applied (Figure A3). Moreover, the curved shape of the canine tooth 
compresses the bone at the middle and alveolar crest regions. On the other hand, lateral 
forces cause compressive stresses on two opposite areas of the apical and alveolar crest 
regions of the bone (Figure A3). The stress values on the bone are higher for lateral loads 
than for intrusive loads, especially in the layer of the apical region. 
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FIGURE A3 (i) Maximum and (ii) minimum principal stress distributions in the cortical and trabecular portions 
of the mandibular bone after the first cycle of applying a 360 N load at intrusive, labial-lingual and mesial-distal 
directions (ordered from top to bottom).  
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APPENDIX 2 – ALGORITHMIC PROCEDURE FOR IMPLEMENTATION OF THE 
POROUS FIBROUS HYPERELASTIC DAMAGE MATERIAL MODEL  
1. A database with the mechanical variables and     ,     and       at   time point is created. 
2. The initial elastic stress tensor is computed. 
3. The value of the fourth invariant    is obtained by Equation 2. 
3.1. If      : 
   
  
  
    
     
     
            
3.2. Otherwise, if      : 
                    
  
    
               
      
3.2.1. The equivalent strain of the fibrous term is defined by Equation 14. 
3.2.2. The damage is checked:  
3.2.2.1. If             the        parameter is computed by Equation 19, and its value is 
updated. 
3.2.2.2. Otherwise, if           , the damage is not updated       =    . 
 
4. The damage variable   and the continuous function      are defined by Equations 12 and 13. 
4.1. If            
    update     
      with       
  value. 
4.2. Otherwise, if            
   , not update     
    value. 
 
5. The Cauchy stress tensor of the solid matrix is computed as       times the push-forward of   
86,87 by the 
following expression: 
               
where the second Piola–Kirchhoff stress   tensor consists of the deviatoric and volumetric 
contributions (     and     , respectively) for the following strain energy density function: 
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6. The total stress,  , in the fully saturated tissue with the porous contribution coupled is defined by Equation 
9. 
7. The initial elastic modulus 86,87 is calculated as       times the push-forward of the elasticity tensor   by: 
               
where the elasticity tensor is obtained from the second Piola–Kirchhoff stress tensor by: 
             
       
  
   
           
     
 
           
     
  
